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global and local. The hypothesis was that for certain impact scenarios, local response 
injuries of the brain have a higher severity level compared to global response injury, the 
head’s center of gravity. This study is the first to predict and quantify the influence of 
impact velocity, location, offset and angle of impact to severity of injury. The findings 
show that an sUAS has the potential of causing minimal harm under certain impact 
scenarios, while others cause fatal injuries. Additionally, results indicate the global 
response as a less viable response region of interest when measuring injury severity for 
clinical diagnosis. It is hoped that results can be useful to assist decision making for 
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CHAPTER I  
INTRODUCTION 
Small Unmanned Aircraft Systems (sUAS) are small aircrafts defined as 
“weighing less than 55 pounds, including everything that is onboard or otherwise attached, 
and can be flown without the possibility of direct human intervention from within or on 
the aircraft” (Federal Aviation Administration, 2018), and they are operated remotely at 
heights of no greater than 400 ft. AGL (Above Ground Level). sUAS, otherwise known as 
Drones, are increasing in popularity and usefulness. Inevitably, the increase in number of 
sUAS in operation will lead to an increased risk of impacts on humans. The human head is 
particularly vulnerable to injury from impacts; thus, it is important that a safety criterion is 
developed to provide guidance for rules and regulations of sUAS.  The greatest uses of 
sUAS are in military, commercial, damage assessments and other non-commercial 
interests. The specific usage of sUAS include capturing of live events, aerial surveying, 
disaster management, delivering packages and other recreational uses. Modern technology 
has not only made these systems economical, having high level of capabilities and 
intelligence, it has also made it more accessible and ubiquitous. With advancements in 
sUAS technology, the concerns for safety of third party (uninvolved) individuals on the 
ground has risen. The Federal Aviation Administration (FAA) is seeking a risk-based 
method to find safety operation parameters for sUAS and to modernize its regulatory 
 
2 
development for sUAS commercial operations (David Arterburn, Mark Ewing, Raj 
Prabhu, Feng Zhu, 2017).  
Safety standards for sUAS operation are evolving, and regulations and law 
enforcements are struggling to keep pace with the rapid advancement in technology and 
consumer applications, increasing the need for more scientific data on operation 
parameters, safety and design. Incidences of traumatic brain injury (TBI) from human 
head - sUAS collision have been reported. In April 2014, at the Endure Batavia Triathlon 
in Australia, a competitor, Raija Ogden, was struck in the head by an sUAS used for live 
television coverage (Martin, 2015a) and suffered a TBI. News media have also reported 
multiple other cases where drones flown for recreational or approved filming reasons have 
resulted in bystander head injuries. Notably, most injuries are characterized by whiplash, 
lesions on the skin requiring stitches and/or concussion; injuries that could all be related to 
or comorbid with TBI. Fatalities have also been reported as a result of sUAS malfunctions 
and operator errors (Sapsted, 2003; Arin Greenwood, 2013; Martin, 2015b; Steve 
Miletich, 2017).  
Patients that receive a traumatic brain injury will undergo two stages of brain 
injury: primary and secondary injury. In a simplistic term, the primary damage occurs at 
the moment of impact whereas secondary damage results in pathological processes 
initiated at the moment of impact with cascading physiological changes. For this study’s 
purposes, the primary injury will be the time of interest for analysis. Most TBI patients 
have a combination primary intracranial injuries including, diffuse axonal injury (DAI) 
and subarachnoid hemorrhage (Haydel & Dulebohn, 2018). Diffuse axonal injury is 
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caused by a rapid rotational or deceleration force causing neurons to undergo shear and 
strain deformation, leading to hemorrhage and edema to occur at local areas (Haydel & 
Dulebohn, 2018). These injuries are commonly caused when the brain is shaking back and 
forth against the skull. Subarachnoid hemorrhage due to a TBI is caused by disruption of 
the vessels in the meninges, the outer protective surface of the brain (Haydel & Dulebohn, 
2018). The shaking of the brain against the sides of the skull can cause shearing of the 
brain tissue and blood vessels that may cause internal bleeding, bruising, or swelling of 
the brain. Injury severities for TBI are classified in three categories: mild, moderate, and 
severe. A concussion or a blow or jolt to the head can be graded as mild, moderate or 
severe depending on loss of consciousness time and or loss of equilibrium (Haydel & 
Dulebohn, 2018).  While TBI is more commonly caused by automobile, sports and 
recreation accidents, there have been several cases with aerial vehicles causing TBI due to 
system failure or piloting accident. As a result, accidents leading to serious injuries to the 
third-party subjects have added urgency to FAA’s efforts to determine the severities of 
injuries of head impacts due to sUAS impacts. 
The majority of published research findings related to third-party (uninvolved) 
safety are statistic-based assessments on location and population density (Clothier, 
Walker, Fulton, & Campbell, 2007; Dalamagkidis, Valavanis, & Piegl, 2008; Magister, 
2010; Weibel & Hansman, 2004; Wu & Clothier, 2012). These models largely focus on 
aircraft crossing population centers during launch and re-entry and on hazards associated 
with a drone flying in close proximity of an airplane similar to bird strikes events (Peck, 
2015; Smith & Main III, 2015; Yngvi Rafn Yngvason, 2016).  Drone crash research at 
Virginia Tech used instrumented mannequin heads to obtain parameters for sUAS design, 
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construction and operational speed that effects severity (Levin, 2017).  There are only a 
few other studies regarding accidents involving sUAS that focus on drone impact and risk 
to human life. A recent publication by Breunig et al. developed the sUAS Airworthiness 
Assessment Tool (sAAT) to help the FAA conduct its airworthiness safety analysis 
(Breunig et al., n.d.). Their model characterized sUAS based on type of mission, vehicle 
and operation. Results of the sAAT model presented three main outputs: probability of 
fatality per flight hour to a third-party, degree of risk and sensitivity of risk factors. The 
team concluded that sUAS risk could be reduced the most by reducing the greatest 
contributors: population density and weight of the vehicle. While these findings are 
applicable for reducing risk to human safety, results are not specific to collisions between 
a single individual and sUAS. 
Finite element analysis (FEA) models are used in biomechanics to provide numeric 
techniques to simulate real world phenomenon. FEA models are successful in computing 
structural analysis such as displacement, stresses and strains of materials. While FEA 
modeling is an excellent tool to develop failure criteria for any material, there are 
limitations that arise. FEA, particularly in human models, is an impractical tool for 
pathophysiological and behavioral analysis for biological tissues subject to blunt or blast 
impacts. It should be noted that this model’s predictions are of a mechanistic interest in 
relation to the way biomechanical forces produced by an sUAS blunt impact cause 
structural damage to the human head. 
Finite element models of the human head have become more sophisticated 
throughout the years. These numerical models can provide general kinetic and kinematic 
responses of the modeled brain and calculate detailed distributions of acceleration, strain, 
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stress and pressure changes which can be correlated with the risk of head injuries. Ruan et 
al. developed an anatomically detailed FE model of the human head that has since been 
modified and improved upon (Jesse S. Ruan, Khalil, & King, 1993a). The 3D finite 
element human head model was developed to study the responses of an average human 
head to a blunt impact by a rigid impactor. This model had accurate anatomical features, 
including the scalp, three-layered skull, cerebral spinal fluid (CSF), duramater, falx 
cerebri, and the brain. The viscoelastic property details given to the brain and scalp in this 
model were of great importance to this research.  
This study used a finite element analysis (FEA) to predict head injury risk metrics 
for collisions between the human head and the DJI PhantomTM 3 drone (DJI, Los Angeles, 
CA, USA). A mesh model of the human head was created using an image processing 
software, ScanIPTM (Simpleware, Exeter, UK), and subsequently the FE model was 
developed using Abaqus/Explicit 6.14.1 (Dassault Systems, Rhode Island). Taguchi’s L16 
(Type B) Array technique was used to assess four impact parameters: location, velocity, 
location offset and angle. A total of sixteen different impact cases were simulated to 
quantify vulnerability to a traumatic brain injury (TBI). For each impact, element-wise 
maximum acceleration, pressure and Von Mises stress were obtained. For all response 
variables, peak magnitudes at each element, regardless of the time of occurrence, were 
extracted at the global response of the head and local responses of the brain. In terms of 
gravitational g-force, acceleration data obtained from the simulations at the global and 
local response regions were mapped to Abbreviated Injury Severity (AIS) scale of injury 
potential and severity due to head - sUAS collisions. A composite set of predicted criteria 
 
6 
maps were developed to give multiple perspectives in gaging severity of impacts and 
probability of TBI.  
The Abbreviated Injury Scale (AIS) was used as the tool of measure in quantifying 
severities of impacts/outcome of the simulated model.  The AIS is an anatomical-based 
coding system that categorizes and defines the severity of an injury. AIS was initially 
created to score injuries in automobile crashes in the 1970s (Baker, O’Neill, Haddon, & 
Long, 1974; “Rating the severity of tissue damage: I. The Abbreviated Injury Scale.,” 
1971; Senkowski & McKenney, 1999; States, Fenner, Flamboe, & Nelson, 1971). AIS had 
several revisions since its conception, the current version has been consistently used in 
trauma centers to assess injury severity since 2008. (Senkowski & McKenney, 1999). The 
AIS score ranges from 0 (no injury) to 6 (fatal injury) according to a standardized medical 
manual and a set of definitions. The scale is structured by anatomical sections of the body 
such as the face, neck, abdomen, pelvic region, etc. In this work, the g-force values of the 
head’s center of gravity (CG) and the brain were mapped into the AIS score to classify 
severity threshold between minor, concussive and fatal injuries from the simulated impact 
scenarios (Rezaei, Karami, & Zieki, 2018a).  
The work of this thesis focused on two areas of interest: global response and local 
response injuries. The global response is focused on injury severity at the center of gravity 
(CG) of the head, located in the skull material. The local responses are at the four brain 
lobes (frontal, parietal, occipital and temporal) and at the cerebellum. It was hypothesized 
that for certain impact scenarios, local response injuries have a much higher severity 
compared to the global injury response.  
 
7 
The finite element model (FEM) of the human head was comprised of five parts: 
skin, the three-layered skull (cortical bone and diploe), cerebral spinal fluid (CSF) and the 
brain. The model used in this research simulates 16 different collisions scenarios between 
the DJI Phantom 3 drone and a human head. The model included a viscoplastic material 
model for the brain, and an elastic material model for the drone, skin, skull and 
cerebrospinal fluid (CSF). A series of TBI-related injury criterion maps were created to 
provide a visual quantitative risk assessment that can be used for human safety risk 
analysis for current and future designs of sUAS. These injury criterion maps can be 
beneficial for triage and emergency room personnel, as it can indicate the severity of an 






METHODS AND MATERIALS 
2.1 Three-Dimensional sUAS - Human Head Finite Element Mesh Model 
The sUAS - Human Head Finite Element (HHFE) model of this research focuses 
only on free-fall incidents from an sUAS platform with an initial velocity. The finite 
element mesh of the human head used in this study was created from computed 
tomography (CT) scans of a human head representative of a 50th percentile adult male. 
The multi-rotor sUAS model was created from a three-dimensional (3D) scan of the DJI 
PhantomTM 3. ScanIPTM was used to create the mesh including the FE models of the 
drone, skin, skull (cortical and trabecular bone), CSF and brain. The human head is a not a 
perfect spherical shape but rather uniquely curved. To implement the shape of an average 
human head, the volume mesh contained quadratic tetrahedral elements. Table 2.1 
tabulates the number of quadratic tetrahedral elements and nodes for each part of the 




Table 2.1 Parts, Elements, and Nodes in the sUAS - HHFE model. 
 
Parts Total Elements Nodes 
DJI Phantom 3  98,612 162,522 
Skin 629,362 967,091 
Cortical Bone 153,194 365,134 
Diploe Bone 155,360 296,583 
CSF 124,603 209,893 
Brain 185,858 276,691 
Frontal Lobe  53,315 81,032 
Parietal Lobe  45,701 70,012 
Occipital Lobe  22,441 35,336 
Temporal Lobe  36,112 56,321 
Cerebellum 16,472 26,762 
 
Figure 2.1 shows (a) the 3D (volume) mesh with the DJI Phantom 3, (b) a sagittal cut-off 
view illustrating the mesh, (c) the 3D brain highlighting different regions of the brain, as 




Figure 2.1 (a) 1,346,989 elements used to develop the sUAS and human head mesh 
model comprised of the (b) skin, cortical bone, diploe, cerebrospinal fluid 
(CSF) and brain. (c) Schematic of the finite element (FE) human brain 
encompassing the frontal, temporal, occipital, parietal lobes, cerebellum 
and the midbrain. (d) A sagittal cut view of the brain. 
 
Biological structures not modeled but can be included into consideration for 
damage due to impact include, the brain’s vasculature system, meninges, grey/white 
matter differences and post-traumatic variables of hemorrhage and swelling/edema. 
Disruption of the brain vasculature system can cause dysfunction of the blood-brain 
barrier and intracerebral bleeding within the brain tissue, both life threatening if not 
properly treated. Absence of the meninges in the head model might affect the stresses and 
strains of the local responses, thus, changing the severity of injuries for these interest 
regions. It is acknowledged that the model assumed that the brain is made up of a single 
 
11 
material property, a viscoelastic viscoplastic material model. It is understood the brain 
model should be extended in the future to account for its grey and white matter 
composition. Lack of grey/white matter difference of the brain tissue could affect the 
location of diffuse axonal injury. Absence of post traumatic variables such as hemorrhage 
and brain swelling could affect survival rate due to the mild and severe simulated impacts. 
The difference between survival and death could stem from whether there is swelling in 
the brain that does or does not generate extreme pressure on the brain that can cut off 
blood supply.   
2.2 Finite Element Model for the Human Head and sUAS 
Computational simulations for the FE impact model was conducted in 
Abaqus/Explicit on a cluster of multi-core Linux computers. To reduce the number of 
simulations needed, a Design of Experiments (DOE) method was conducted. Using 
Taguchi’s L16 (TypeB) Array, outcomes with four input variables, location, velocity, 
offset (horizontal shift from the CG location at each location parameter) and angle, were 
assessed (Taguchi, 1987). The 16-linear (L16) simulation array is shown in Table 2.2, and 
Figure 2.2 illustrates the four angles of impact for front impacts and the offset locations of 
impacts used in the simulation. Similar orientations for angle of impacts were 
implemented for the back, top and side locations of impacts shown in for front impacts in 




Table 2.2 Implementation of Taguchi’s L16 (TypeB) Array 
Simulation No. Location Velocity (ms-1) Offset (m) Angle (deg) 
1 Front 4 0×103 -30 
2 Front 8 25×103 0 
3 Front 16 50×103 15 
4 Front 24 75×103 30 
5 Back 4 25×103 30 
6 Back 8 0×103 15 
7 Back 16 75×103 0 
8 Back 24 50×103 -30 
9 Top 4 50×103 0 
10 Top 8 75×103 -30 
11 Top 16 0×103 30 
12 Top 24 25×103 15 
13 Side 4 75×103 15 
14 Side 8 50×103 30 
15 Side 16 5×103 -30 
16 Side 24 0×103 0 
 
 
Figure 2.2 Schematic of (a) the four angles of impact for a front impact to the human 
head, and (b) offsets of impacts that increase in increments of 0.025 m 
depending on the simulation number.   
 
The simulation used properties obtained from published literature with the skin, 
skull (cortical and diploe bone) and CSF being treated as elastic materials described in 
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Table 2.3. For the brain material, a specific constitutive model, MSU TP 1.1, modified 
from Prabhu et al., 2011 and Bouvard et al., 2010, was used to capture the elastic and 
inelastic responses of the brain material, as seen in Table 2.4.  
 
Table 2.3 Elastic material properties of the drone, cortical bone (Bayraktar et al., 
2004; Boruah et al.,  2013; McElhaney et al., 1970), diploe bone (Bayraktar 
et al.,  2004; Boruah et al. 2013; McElhaney et al., 1970), CSF (Mao et al., 








DJI Phantom 3 2.29×109 2.50×103 0.350 
Cortical Bone 2.00×109 1.00×104 0.220 
Diploe Bone 1.00×109 3.90×101 0.190 
CSF 1.04×109 2.99×10-1 0.496 





Table 2.4 Values of material constants for brain material using MSU TP 1.1 model. 
This table has been modified from Prabhu et al., 2011 and Bouvard et al., 
2010. 
 
No. of material  
constants Model constants Values 
1 μ (MPa) 2.50×101 
2 K (MPa) 2.19×103 
3 γvo (sec-1) 1.00×105 
4 m 2.50×100 
5 Yo (MPa) 1.00×100 
6 α p 1.00×100 
7 λ L 6.60×10-1 
8 μ R 1.00×10-3 
9 Rs1 4.00×101 
10 ho 0.00×100 
11 x o 1 6.00×10-1 
12 x * sat 1.50×10-3 
13 x * o 3.50×10-1 
14 go 2.00×100 
15 C κ 1 (MPa) 0.00×100 
16 h1 1.00×10-1 
17 eos2 1.40×100 
18 esats2 4.10×10-2 
19 C κ 2 (MPa) 5.00×100 
 
2.3 Testing of FE Model 
 
The human model previously tested by Johnson et al. (Johnson et al., 2016), 
compared the pressure-time histories of the FE numerical results to the experimental 
results obtained by Nahum et al. in 1977 from human cadavers (Nahum, A., Smith, R., 
and Ward, 1977). The resulting model reproduced test result number 37 of Nahum’s 
experiments where a metal rod impacted a pressurized corpse head. The pressure 
distribution at the frontal area (coup) of the skull and the posterior-fossa subarachnoid 
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space (countercoup) were the reference points for the validation study. The intracranial 





Figure 2.3 Validation study showing (a) the pressure-time history at the coup site and 
(b) the pressure-time history of the contrecoup site of impact for FE Model 




The FE model of the head produced predictive results with an acceptable degree of 
consistency with the Nahum’s experimental pressures being the reference. Even though 
there are some discrepancies in pressure values, the pulse of the pressure at the coup and 
contrecoup of the FE model accurately depict the Nahum’s experiment test (Nahum et al, 
1977).  
2.4 sUAS-Head Impact and Damage Metrics 
Brain injuries due to impacts are quantifiable from kinematic measures of impact 
severity, such as acceleration and duration of impact. The mapping of head injuries that 
are associated with linear head acceleration have been done since the 1960s (David 
Arterburn, Mark Ewing, Raj Prabhu, Feng Zhu, 2017). Gurdjian et al. introduced the first 
graphical representation of a human head tolerance curve due to impacts known as the 
Wayne State Tolerance Curve (WSTC) (Gurdjian E, Lissner H, Latimer R, Haddad B, 
1953). The curve was the first to define the relationship between impact magnitude and 
duration for safe and unsafe scenarios for the human head. The curve shown in Figure 2.4 
shows that high accelerations are considered safe for a short duration while low 
accelerations can be tolerated for a longer time interval. One major limitation to the 
WSTC is the injury threshold assumes that the fracture tolerance of a human skull is that 




Figure 2.4 The Wayne State Tolerance Curve defining the injury threshold due to 
human head collisions. 
 
Several years later, Gadd introduced the Severity Index (SI), based on the WSTC, 
by integrating the linear acceleration raised to the power of 2.5 (Gadd, 1966). He used 
impacts on cadaver heads to predict the potential hazards of accelerations to the head 
(Gadd, 1966; Lissner, 1960). Gadd’s severity index is based on linear acceleration of the 
peak magnitudes and duration of event, just as the WSTC. The equation for the Gadd 
Severity Index (GSI) is shown in Equation (1).  This index incorporates duration (t) of an 
acceleration (a) of an impact as contributors to TBI.   





Where ‘t’ is duration and ‘a(t)’ is linear acceleration. 
 
In the 1970s, the Head Injury Criterion (HIC), a numeric value, was developed for 
predicting TBI according to the translational acceleration of the head. The measure using 
HIC has been heavily adopted in automotive and athletic sectors. However, it only 
considers a scalar acceleration’s time history (Versace, 1971), instead of combining time 
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and acceleration as a polynomial function like the GSI. Furthermore, the HIC criterion 
relies on kinematic data and does not consider localized damage at the cellular level, 
which arises from the observed stresses and strain within the neural tissue itself. The HIC 











   Equation 2 
Where ‘t1’ is initial time, ‘t2’ is final time, and ‘a(t)’ is linear acceleration. 
Generally, an interval of 15 or 36 ms is used in the computation, and therefore the terms 
HIC15 and HIC36 are commonly used to represent these metrics.  
Most clinical studies use sports related injuries in order to quantify various 
biomechanical measures of head impact to clinical diagnosis of concussion (Greenwald, 
Gwin, Chu, & Crisco, 2008; Rowson, Brolinson, Goforth, Dietter, & Duma, 2009; 
Jadischke, Viano, Dau, King, & McCarthy, 2013; Rowson et al., 2012; Rowson & Duma, 
2011). Using accelerometers in sport helmets, researchers are able to measure a variety of 
outputs such as linear, acceleration, rotational acceleration, duration of impact and impact 
location. These clinical studies have brought about several head acceleration tolerance 
criteria designed specifically for assessing concussion risk. One is the head impact 
telemetry (HIT) system which measures head acceleration and impact location for all 
impacts on a playing field using helmets equipped with linear accelerometers (Greenwald 
et al., 2008). Using the HIT system, Broglio et al. monitored football related head impacts 
in 78 high school athletes to better understand the biomechanical characteristics of 
concussive impacts (Broglio et al., 2010). His findings indicated linear acceleration to be 
most directly related to concussion with a mean threshold for injury to be 98g. These 
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impact levels corresponded to a 75 percent and 50 percent injury risk, respectfully. As 
mentioned earlier, the g-force data taken from the sUAS - HHFE model was linked to the 
AIS values using experimental data found in literature (Rezaei et al., 2018a). The AIS 
values run between 0 and 6 with 0 being the value for no injury, values of 1 to 5 rated 
from minor to critical injury, and 6 for injuries resulting in 100 percent fatality. An AIS 
score of 1 (50 – 100 G) indicates minor injury, 2 (100 – 150 G) moderate, 3 (150 – 200 G) 
serious, 4 (200 – 250 G) severe, and 5 (250 – 300 G) critical (Rezaei, Karami, & Zieki, 
2018b). Fatality due to an injury has an AIS value of 6 (> 300 G). For this study, an AIS 
score of 2 or above was considered a risk of concussion.  
To date, there is no agreement on an appropriate injury metric on a tolerance 
threshold for head impacts. In part, this may be because kinematics-based injury measures 
alone do not provide the region-specific tissue level mechanical responses of brain that are 
presumed to be directly responsible for initiating injury (Ji, Zhao, Li, & McAllister, 2014). 
These clinical experimental studies are limited to analysis at the head’s response region. 
Mechanical responses of the brain are directly responsible for initiating injury, and, 
therefore, should be the interest region to assess clinical diagnosis and treatment. Now, it 
is recognized that experimental studies have no current device to measure the brain’s 
biomechanical response due to head impacts. This is where FE head models begin to play 
an impactful role in head trauma research. Using FE models to simulate real-world sUAS 
impacts, this work investigates (1) the severity of injuries due to impact, (2) the response 
of injury at the global response of the head, (3) the difference in injury severity at the 
head’s global response and the brain’s local responses, (4) the relationship of kinematic 
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and kinetic metrics at the global response and (5) expected behavioral outcomes due to 
head impacts with sUAS.  
2.5 Multivariable Polynomial Regression Model 
In order to create TBI-related injury criterion maps for human head-sUAS 
collisions, predictive models were created. Multivariable polynomial regression (MPR) 
models were developed using PROC GLM in SAS for Windows 9.4 (SAS Institute, Inc., 
Cary, NC) to find the injury thresholds for acceleration for scenario cases outside of those 
simulated in Abaqus (see Table 2.2 for cases simulated). Regression analysis was used to 
assess relationships between impact parameters and acceleration at the global and local 
responses. All four impact parameters (location, velocity, angle and offset of impact) were 
assessed in each model. To model the location parameter, the nominal areas of impact 
were converted to spherical coordinates (𝜑, 𝜃), as seen in Table 2.5.  
 
Table 2.5 Conversion of location of impact from categorical variables to spherical 
coordinates. 
 
Location Radius (r) Angle 1 (𝝋) deg Angle 2 (𝜽) deg 
Front 1 90 180 
Back 1 90 0 
Top 1 0 0 




For the multivariate model, the logistic function took the form ?̂? (𝑥) =  𝛽0 +  𝛽1𝑥1 +
 𝛽2𝑥2 + ⋯ + 𝛽𝑛𝑥𝑛 +  ℇ. The coefficients of determination (p and R2 values) were 
calculated for each regression as a measure of goodness of fit. MPR models must account 
for measurement errors for independent variables. Finite element models do not give 
errors associated for each variable, therefore it was considered negligible for acceleration 
responses. Statistical significance was reached for every model when the p-value was 
<0.05. For the global respose of the acceleration MPR model seen in Equation 3, the 
overall model had a p-value less then 0.001 indicating a statistically significant model. 
Equation 3 
Global Response = 𝛽0 + (𝛽1 ∗ 𝜃) + (𝛽2 ∗ 𝜑) + (𝛽3 ∗ µ) + (𝛽4 ∗ 𝛼) + (𝛽5 ∗ µ
2) + (𝛽6 ∗
𝑜2) + (𝛽7 ∗ µ
3) + (𝛽8 ∗ 𝑜
3)  
 
Where 𝛽0, 𝛽1, … 𝛽𝑛 are intercepts for independent variables 𝜃 𝑖𝑠 𝐿1,  𝜑 𝑖𝑠 𝐿2, 
µ is velocity, 𝛼 is angle and 𝑜 is offset of impact. 
 
It was noted that the offset parameter was not included as a linear term in the polynomial 
model because the variable was not statistically significant, thus, it was excluded from the 
model.  
All MPR models for the local responses had p-values less than 0.05 indicating 
statistical significance. Any predictive input variables (location, velocity, angle and offset 
of impact) that were not statistically significant (p < 0.05) were eliminated from the final 
regression model. The polynomial expressions for acceleration at the frontal, parietal, 
occipital, temporal lobe and cerebellum can be viewed in Equations 4-8.    
Equation 4 
Frontal Lobe = 𝛽0 + (𝛽1 ∗ 𝜃) + (𝛽2 ∗ 𝜑) + (𝛽3 ∗ µ) + (𝛽4 ∗ o) + (𝛽5 ∗ α) + (𝛽6 ∗ α3) 
 
Equation 5 
Parietal Lobe = 𝛽0 + (𝛽1 ∗ 𝜃) + (𝛽2 ∗ 𝜑) + (𝛽3 ∗ µ) + (𝛽4 ∗ o) + (𝛽5 ∗ o
2) + (𝛽6 ∗














Cerebellum = 𝛽0 + (𝛽1 ∗ 𝜃) + (𝛽2 ∗ 𝜑) + (𝛽3 ∗ µ) + (𝛽4 ∗ α) + (𝛽5 ∗ o
2) 
 
Where 𝛽0, 𝛽1, … 𝛽𝑛 are intercepts for independent variables 𝜃 𝑖𝑠 𝐿1,  𝜑 𝑖𝑠 𝐿2, 





The intent of this work was to quantify the severity of injury due to impacts 
between sUAS and the human head. The outcomes recorded from the FE simulations 
focused on the global and local responses for comparison of injury severity. The global 
impact responses were taken from the CG of the head and local responses from the brain: 
frontal lobe, parietal lobe, occipital lobe, temporal lobe and the cerebellum. All simulation 
settings depicted in Table 2.2, excluding simulation 16, terminated normally in Abaqus 
with a minimum time step of 5 ms.  All data analyses were performed in MATLABTM 
(R2016a; MathWorks, Natick, MA). 
3.1 Global Response: Acceleration of the Head 
Peak acceleration values at the CG of the head for each simulation were mapped 
into the AIS values (0-6) shown in Figure 3.1. Simulations of impacts ran with the sUAS 
at velocities of 4, 8, 16 and 24 ms-1, impact angles of -30, 0, 15 and 30, impact offsets 
(horizontal shift from the CG location at each location parameter) from 0, 25, 50 and 75 
mm and various locations of impact at front, back, top and side of the human head (see 
figure 2.2 for illustrations on angles and offsets). Resulting data at the CG showed that 
velocities of less than or equal to 4 ms-1, regardless of the other parameter conditions, led 
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to no injury, while velocities of 8, 16 and 24 ms-1 had various injury severities depending 





Figure 3.1 (a-d) Acceleration at the center of gravity for the skull over 5 ms.  
Front impact locations at 4 m/s, -30⁰, 0 mm (a), 8m/s, 0⁰, 25 mm (b), 16 m/s, 15⁰, 
50 mm (c) and 24 m/s, 30 ⁰, 75 mm (d). (e-h) Back impact locations at 4 m/s, 30⁰, 
25mm (e), 8 m/s, 15⁰, 0 mm (f), 16 m/s, 0⁰, 75mm (g) and 24 m/s, -30⁰, 50 mm (h). 
(i-l) Top impact locations at 4 m/s, 0⁰, 50 mm (i), 8 m/s,  -30⁰, 75 mm(j), 16 m/s, 
30⁰, 0 mm (k) and 24 m/s, 15⁰, 25 mm (l). (m-o) Side impact locations at 4 m/s, 
15⁰, 75 mm (m), 8 m/s, 30⁰, 50 mm (n), 16 m/s, -30⁰, 25 mm (o). The legend 
describes the colors associated with AIS and the g-force values portrayed in the 
background of the graphs. The use of background colors was to depict where each 
level begins of different injury severity, according to the AIS. The solid line 




3.2 Local Response: Acceleration of the Brain   
Peak acceleration values were compared at the global and local response regions of 
the simulated results in Abaqus and have been plotted based on input variable responses 







Figure 3.2 (a-f) Mean of peak accelerations (G) values of the brain versus impact 
location, velocity of impact, offset and the angle of impact at the CG, each 
lobe and cerebellum vs. time for DOE simulations. Main effects plot for the 
mean Peak accelerations for (a) the center of gravity, (b) frontal lobe, (c) 




The four input parameters monitored and plotted in Figure 3.2 showed evidence towards 
injury severity globally as either overestimating or underestimating the severity of injury 
compared to local responses. 
3.3 Predictive Models for Acceleration 
In order to create severity injury maps for the occurrence of a TBI due to human 
head-sUAS collision, a series of MPR models were created. Regression models were used 
to predict g-force changes in the brain’s local responses and the head’s global response. 
Prediction models for the acceleration criterion maps were associated with the AIS to link 
the injury severity (AIS 0-6) with the g-forces received at the response regions. The 
predicted differences between the global and local responses in accelerations (acceleration 
(local) – acceleration (global)) were visualized with g-force difference response surface 
graphs from the perspectives of impact angles at different locational impacts (front, back, 
top, or side impact) (see Figures 3.3-3.22). The AIS legend corresponds to g-force 
difference surface (g-FDS) and the z plane (z=0) color contour. Individual g-force 




Figure 3.3 Predicted g-force difference (between frontal lobe and head’s CG) graphs 
using a MPR model for front impact with four different impact angles. The 





Figure 3.4 Predicted g-force difference (between frontal lobe and head’s CG) graphs 
using a MPR model for back impact with four different impact angles. The 
AIS legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
Figure 3.5 Predicted g-force difference (between frontal lobe and head’s CG) graphs 
using a MPR model for top impact with four different impact angles. The 




Figure 3.6 Predicted g-force difference (between frontal lobe and head’s CG) graphs 
using a MPR model for side impact with four different impact angles. The 
AIS legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
Figure 3.7 Predicted g-force difference (between parietal lobe and head’s CG) graphs 
using a MPR model for front impact with four different impact angles. The 




Figure 3.8 Predicted g-force difference (between parietal lobe and head’s CG) graphs 
using a MPR model for back impact with four different impact angles. The 
AIS legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
Figure 3.9 Predicted g-force difference (between parietal lobe and head’s CG) graphs 
using a MPR model for top impact with four different impact angles. The 




Figure 3.10 Predicted g-force difference (between parietal lobe and head’s CG) graphs 
using a MPR model for side impact with four different impact angles. The 
AIS legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
Figure 3.11 Predicted g-force difference (between occipital lobe and head’s CG) graphs 
using a MPR model for front impact with four different impact angles. The 




Figure 3.12 Predicted g-force difference (between occipital lobe and head’s CG) graphs 
using a MPR model for back impact with four different impact angles. The 
AIS legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
Figure 3.13 Predicted g-force difference (between occipital lobe and head’s CG) graphs 
using a MPR model for top impact with four different impact angles. The 




Figure 3.14 Predicted g-force difference (between occipital lobe and head’s CG) graphs 
using a MPR model for side impact with four different impact angles. The 





Figure 3.15 Predicted g-force difference (between temporal lobe and head’s CG) graphs 
using a MPR model for front impact with four different impact angles. The 
AIS legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
Figure 3.16 Predicted g-force difference (between temporal lobe and head’s CG) graphs 
using a MPR model for back impact with four different impact angles. The 




Figure 3.17 Predicted g-force difference (between temporal lobe and head’s CG) graphs 
using a MPR model for top impact with four different impact angles. The 





Figure 3.18 Predicted g-force difference (between temporal lobe and head’s CG) graphs 
using a MPR model for side impact with four different impact angles. The 
AIS legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
Figure 3.19 Predicted g-force difference (between cerebellum and head’s CG) graphs 
using a MPR model for front impact with four different impact angles. The 




Figure 3.20 Predicted g-force difference (between cerebellum and head’s CG) graphs 
using a MPR model for back impact with four different impact angles. The 
AIS legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
Figure 3.21 Predicted g-force difference (between cerebellum and head’s CG) graphs 
using a MPR model for top impact with four different impact angles. The 




Figure 3.22 Predicted g-force difference (between cerebellum and head’s CG) graphs 
using a MPR model for side impact with four different impact angles. AIS 
legend corresponds to g-FDS and the z plane (z=0) color contour. 
 
3.4 Pressure and Von Mises Stress Measures at the Global Response 
Intracranial pressure magnitudes have been shown to correlate with brain injury 
severity (Ward, Chan, & Nahum, 1980; J. S. Ruan, Khalil, & King, 1991; Jesse S. Ruan, 
Khalil, & King, 1993b;; Zhou, Khalil, & King, 1995; Zhou, Khalil, King, & Dragovic, 
1996; Kleiven, 2006) Earlier analytical human and animal cadaver studies simulated in 
FEM proposed a peak ICP threshold of 235 kPa for fatal or serious head injuries and 
173 kPa for moderate head injury (Ward et al., 1980). Although cadavers cannot provide 
injury response data, knowledge of the mechanical response of the skull may contribute to 
a better understanding of brain injury. From a clinical perspective, the greater the response 
the more fatal the outcome a patient can expect with a traumatic brain injury.  
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Von Mises stresses have been given particular interest as having been identified as 
a possible brain injury indicator (Baumgartner & Willinger, 2005; Marjoux, Baumgartner, 
Deck, & Willinger, 2008). A more recent study by Marjoux et al. recreated 61 real-world 
accident cases to compare criteria for head injury using FEM. One of the criteria tested, 
Von Mises (effective shear) stress, was preferred to strain because it showed better 
correlation to neurological injuries. Results from this study propose that the Von Mises 
stress threshold are given as those sustaining a mild brain injury above 40 kPa (Marjoux, 
Baumgartner, Deck, & Willinger, 2008). The maximum value reached by the global 
response elements modeling the space between the brain and the skull is proposed as a 
correlation to a brain injury occurrence. Of course, a single ICP and Von Mises stress 
threshold for all TBI patients is an oversimplification of a complex pathophysiological 
process, but majority of studies have estimated their injury thresholds for these kinetic 
parameters in the same ranges (J. S. Ruan, Khalil, & King, 1993; Yogonadan, 1994; Zhou 
et al., 1996; Kang, Willinger, Diaw, & Chinn, 1997; Anderson, 2000; Willinger & 
Baumgartner, 2003; Zhang, Yang, & King, 2004). 
For the 16 head impacts simulated for this study, element-wise maximum 
intracranial pressure (ICP) and Von Mises stress were collected to analyze the 
kinetic biomechanical responses due to head injury. In order to keep consistency with 
response comparisons for this study, the head’s CG response was recorded. Because there 
is insufficient computational data regarding injury severity for the local responses of the 
brain, current work will focus on the global response. Peak magnitudes at each element for 
the global response, regardless of the time of occurrence, was extracted and recorded. 
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Table 3.1 quantifies the effect of skull deformation in terms of pressure, Von Mises stress 
and acceleration for all 16 simulation cases. 
 
Table 3.1 Peak pressure, Von Mises stress and acceleration for the global response. 
* Threshold for concussion 
† Threshold for fatal injury 





Front: Velocity: 4(m/s), 
Angle -30⁰, Offset: 0 (mm) 4.17E+00 4.11E+00 2.32E+01 
Front: Velocity: 8(m/s), 
Angle 0⁰, Offset: 25 (mm) 1.62E+01 1.71E+01 1.21E+02* 
Front: Velocity: 16(m/s), 
Angle 15⁰, Offset: 50 (mm) 4.68E+02
† 4.71E+02* 1.74E+02* 
Front: Velocity: 24(m/s), 
Angle 30⁰, Offset: 75(mm) 2.70E+02
† 1.66E+01 5.52E+02† 
Back: Velocity: 4(m/s), 
Angle 30⁰, Offset: 25 (mm) 3.51E+00 6.21E+00 4.38E+01 
Back: Velocity: 8(m/s), 
Angle 15⁰, Offset: 0 (mm) 2.80E+01 1.71E+01 1.44E+02* 
Back: Velocity: 16(m/s), 
Angle 0⁰, Offset: 75 (mm) 4.02E+01 1.64E+01 7.26E+01 
Back: Velocity: 24(m/s), 
Angle -30⁰, Offset: 50 (mm) 4.39E+01 1.82E+02* 2.47E+02* 
Top: Velocity: 4(m/s), Angle 
0⁰, Offset: 50 (mm) 6.78E+00 2.85E+01 4.21E+01 
Top: Velocity: 8(m/s), Angle 
-30⁰, Offset: 75(mm) 1.38E-03 3.10E-01 1.02E+02* 
Top: Velocity: 16(m/s), 
Angle 30⁰, Offset: 0 (mm) 1.25E+02 1.71E+01 4.29E+02
† 
Top: Velocity: 24(m/s), 
Angle 15⁰, Offset: 25 (mm) 5.95E+02
† 1.74E+01 6.48E+02† 
Side: Velocity: 4(m/s), 
Angle 15⁰, Offset: 75 (mm) 1.72E+01 3.85E+00 2.90E+01 
Side: Velocity: 8(m/s), 
Angle 30⁰, Offset: 50 (mm) 1.04E+01 5.48E+02* 8.90E+01 
Side: Velocity: 16(m/s), 
Angle -30⁰, Offset: 25 (mm) 3.44E+02
† 3.35E+03* 2.32E+01* 
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3.5 Predictive Models for Pressure and Von Mises Stress   
Peak pressure, Von Mises and acceleration values were compared at the global 
response of the simulated results in Abaqus and exectued in SAS for development of MPR 
models. Peak pressure and Von Mises stress predictions from MPR models for global and 
local responses were outside acceptable ranges from FE simulations. One possibility could 
be because FEM are not able to give errors associated with outputs, the user is not always 
able to neglect the MPR model’s error value and expect accurate predictions. While the 
errors were negligible for acceleration outputs, the same was not true for pressure and Von 
















4.1 Acceleration at the Global Response  
For the 16 simulations in the DOE (listed in Table 2.2), accelerations at the head’s 
CG were recorded as a global measurement of damage to the brain due to head trauma, 
shown in Figure 3.1. Results from Figure 3.1 show that velocities of 4 ms-1 (Figure 3.1: a, 
e, i and m) or less have an associated AIS value of 0 (0-50 Gs), indicating no harm to the 
person. A value of 1 indicates minor injury, which normally corresponds to 50-100 Gs as 
garnered from sport- related impact studies (Rowson et al., 2012; Rowson & Duma, 2011; 
Vos et al., 2002). AIS values 2-4 corresponds to serious injuries (often resulting in 
concussion) within 100-250 Gs. As shown in Figure 3.1, 33 percent of the impact 
scenarios would have an AIS score of 2-4 with peak accelerations above 100 Gs (b, c, f, j 
and o). Lastly, critical injuries (AIS values of 5 and 6) can be assigned to 27 percent of the 
15 simulations which yielded peak acceleration greater than 250 Gs (d, h, k and l) 
resulting in lethality. 
Global simulation scenarios b, c, f, j and o in Figure 3.1 show that an sUAS with 
an impact velocity of 8 ms-1 or more could lead to concussion in a human subject, with 
AIS values ranging from 2-4. Critically, data from Figure 3.1 show that not all scenarios 
lead to an injury and may not require intensive treatment while other scenarios may 
require immediate medical attention. Furthermore, global response of simulated impacts to 
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the front, back and side of the head present a threshold for lethality at 24 ms-1 or more. It 
should be noted that for simulation 16 (not shown) the threshold of the trend for lethality 
is 24 ms-1 and above as well. Alternatively, the global response due to impacts at the top 
of the head has a lower threshold for lethality at 16 ms-1 (Figure 3.1: k and l). Thus, it can 
be concluded that by looking at the global response of the head alone, the human subject 
would have a high probability of receiving a brain trauma from an sUAS impact, at impact 
velocities 8 ms-1 or greater, when observing injury severity at the global response region.   
4.2 Acceleration Comparisons of the Global and Local Responses 
The main effects for peak acceleration means for both the local (frontal, parietal, 
occipital, temporal lobes and cerebellum) and global responses is depicted in Figure 3.2. 
The following numeric points are based on characteristics of the sUAS and its severity of 
injury due to impact.  
1. Observation based on location (front, back, top, or side) — The results in 
Figure 3.2 show that mean accelerations for both global and local reponses, 
designate top impacts to have the highest injury severity, with the exception of 
the occipital lobe. The occipital lobe had the highest accleration injury severity 
at back locational impacts. The lowest acceleration severity was side locational 
impacts both globally and locally. It can be speculated that the anatomical 
shape of the head played a role in the injury severity for the location parameter. 
As the head takes on a more curvature shape (ie. front, top and back locations), 
the severity of injury increased from front to top, then decreased as impacts 
occured at the back curve of the head. At a side impact there is a less curvature 
 
47 
shape of the head, thus allowing the impending stress waves from the impact to 
disperse along the skull in the cranium. By comparing the local responses to 
the global response, the location parameter indicates the CG underestimating 
the acceleration injury severity for both top and side locations.  
2. Observation based on velocity — Figure 3.2 shows that the mean acceleration 
increases proportionally to sUAS impact velocity regardless of the impact 
location, angle and/or offset parameters. The higher the sUAS impact velocity, 
the higher the kinetic energy associated with the impact. This higher kinetic 
energy ends up transfering larger impact energy to the head, which is 
appropriately captured in the increase of global and local peak accelerations. 
The global response understimated the severity of injury at an impact velocity 
of 8ms-1, but it also overstimated the severity of injury at 16 ms-1. These 
differences between global and local peak accelerations could be attributed to 
the complex geometries of the skull and the brain along with material 
heterogenieties going from the head scalp, skull, CSF and the brain.   
3. Observation based on offsets — The results from Figure 3.2 show that the 
average acceleration increased as the offset (horizontal shift from the CG 
location at each location parameter) increased from 0 to 25 mm for both 
response regions of interests; however, the average acceleration for offset 
decreased from of 25 mm to 50 mm, except for the occipital lobe where an 
increase in mean acceleration occured. As the offset continued to move 
laterally from 50 to 75 mm, all response regions showed a decrease in mean 
acceleration with the exception of the temporal lobe, which increased. This 
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slight increase in severity at the temporal lobe has an explanation; at any 
locational impact, front, back, top or side, the initial offset setting is 0 mm. As 
the offset increased horizontally moving further away from the center point of 
the locational impact, the drone shifted closer to the temporal vicinity. 
Anatomically, the temporal lobe is located beneath the frontal and parietal lobe 
on both cerebral hemispheres of the brain. Because of its lower regional 
location in the brain and closer proximity to the head’s CG, the temporal lobe 
showed a peak in acceleration at the latter offset values. Thus, allowing the 
impending stress waves from the impact to disperse along the temporal lobe, 
consequently, causing acceleration of this local response to increase as well. 
4. Observation based on angle of impact — Overall, local response injuries 
showed higher mean peak accelerations compared to the global response 
injury. Figure 3.2 reveals that at impact angles -30⁰ and 15⁰, the global reponse 
underestimating the injury severity compared to local response injuries. 
However, a direct impact of 0⁰ shows the global response slightly 
overestimating the severity of damage. A direct impact of 0⁰ transfers the 
momentum of the impacting sUAS to the head, which is then captured in 
global as well as local peak accelerations. However, when the sUAS impacts 
the head at -30⁰ and 15⁰ angles, the sUAS ricohets the head, leading to a higher 
local peak acceleration in the vicinity of the impact and lower global (CG) 
peak acceleration. 
The four input parameters monitored and described above provide adequate 
evidence towards injury severity locally as a better region of interest to focus on for the 
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assessment of brain trauma. The next subject of interest was to determine if there was any 
correlation of the anatomical shape of the human skull to the local injury severity 
responses. According to Figure 3.2, the parietal and frontal lobe regions received the 
highest g-force severities for all 16 simulations. Now, the question of interest; what does 
the mean peak acceleration for these two local regions have to do with the anatomical 
shape of the head? Perhaps, the higher the curvature of the skull (at the heads front and top 
locations), the higher the injury severity. The local response order of mean acceleration 
injury severity of the brain in descending order are as followed: parietal, frontal, occipital 
lobe, cerebellum and temporal lobe. In descending order, the first three in the list have 
high curvature cranial features anatomically and the last two regions in the brain having 
lower curvature cranial features. As the hypothesis previously mentioned at the beginning 
of this study stated that local response injuries of the brain have a much higher severity 
level compared to the global response of the head, this statement stands true with this 
study’s findings. Local responses of the brain estimate higher injury severity response than 
the global response of the head and should be used as the region of interest for future 
injury criteria. 
4.3 Predictive Modeling Analysis  
MPR models were used to predict g-force changes in the brain’s local responses 
and the head’s global response. For every simulation case the accelerations at the local 
responses were higher than those at the global response. Therefore, the predicted 
differences between the global and local responses in accelerations were modeled with the 
global acceleration being subtracted from every local response acceleration to create 
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positive differences for surface graphs. All g-FDS graphs are from the perspectives of 
impact angles at different locational impacts (see Figures 3.3-3.22).   
The g-FDS graphs provide a map of local responses relative to the global response 
in each perspective and show that four of the five local responses have higher injury 
severities. The graphs of frontal lobe-CG (Figures 3.3 - 3.6), parietal lobe-CG (Figures 3.7 
- 3.10), occipital lobe-CG (Figures 3.11 - 3.14) and cerebellum-CG (Figures 3.19 - 3.22) 
show increased relative peak accelerations at velocities around 16 ms-1 at offset distance 
of around 0.05 m. The positive difference indicates that these local response regions 
experienced higher g-forces compared to the head’s global response. These positive 
differences may be due to the fact that the brain is a softer material with a lower young’s 
modulus, while the CG response of the head, which is located in the skull, distributed the 
forces globally. The higher injury severity in the local responses relative to the global 
response may be due to the inertia effect, which is the resistance of an object to a change 
in the state of its motion. Mass may also play a role, an object with more mass has more 
inertia. By comparing the two different material properties of the skull and brain, it is 
logical that the skull serves as a reference (the stationary object) and the brain’s spatial 
position as relative to it.  
Majority of the graphs from Figures 3.3-3.22 showed the g-forces increasing and 
then decreasing as offset and velocity increased. The frontal lobe-CG (Figures 3.3 - 3.6), 
occiptal lobe-CG (Figures 3.11 - 3.14),  and cerebellum-CG (Figures 3.19 - 3.22) g-FDS 
graphs all show that as offset increased from 0 to 50 mm, the severity of injury rose from 
AIS of 0 to 6 (AIS of 4 for the cerebellum-CG graphs), then decreased back down to AIS 
0 as offsets continued from 50 to 75 mm. The g-force difference surfaces were similar in 
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their trend for both velocity and offset variations. As velocity increased from 4 to 16 ms-1, 
AIS rose from 0 to 6 (AIS of 4 for the cerebellum-CG maps), however, at impact speeds 
of 16 to 24 ms-1, acceleration fell from AIS values of 6 (AIS of 4 for the cerebellum-CG 
maps) to AIS 0. In these maps, an AIS of 0 indicated no difference in AIS values of the 
global and local responses.  
From the perspective of parital lobe-CG response (Figures 3.7 - 3.10), a similar 
graphical profile was observed for the offset and velocity parameters in the CG-frontal 
(Figures 3.3 - 3.6), occipital lobe-CG (Figures 3.11 - 3.14) and cerebellum-CG (Figures 
3.19 - 3.22) maps. However, the parietal lobe-CG predictive model for top impacts (Figure 
3.9) showed much higher g-forces and AIS values than other locations of impact. It was 
expected that the top impacts would receive higher g-forces compared to the CG and other 
local responses because the parietal lobe is the closest to the top impact location. 
Observing the velocity parameter and its affect on acceleration, the surface curvature 
shape remained the same with frontal lobe-CG, occipital lobe-CG and cerebellum-CG. 
From the perception of temporal lobe-CG (Figures 3.15 -3.18) graphs, there was 
no significant differences as seen in the other local-global comparisons. Antaomically, the 
CG lies near the temporal lobes (furthest from the location impact point) and was expected 
to have the similar peak accelerations due to their close proximity.  
Based off the brain’s anatomical locations for the five local responses and their 
associated injury severities, data showed that the further the brain’s local response was 
from the global response, the greater the injury severity. The local response regions in 
order of largest to smallest injurity severity difference: parietal lobe (Figures 3.7 - 3.10), 
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followed by frontal (Figures 3.3 - 3.6), occipital lobe (Figures 3.11 - 3.14), cerebellum 
(Figures 3.19 - 3.22) and temporal lobe (Figures 3.15 -3.18).  
In summary, data showed that every local response region, except for the temporal 
lobe, had higher injury severities and AIS values than the global response region and, 
therefore, are more sensitive to injury and should be the focus regions of monitoring when 
quantifying brain trauma due to impacts.   
4.4 Analysis of the Pressure and Von Mises Stresses at the Global Response 
Region  
Many sports-related studies use only kinematic measurements as the basis for 
deriving injury thresholds. The combination of kinematic and kinetic parameters has not 
been heavily investigated, but investigation in the two measurements could potentially 
yield better insight for head injury severities.  
For these specific case studies, when comparing peak ICPs and g-forces at the 
global response, data showed that for some simulation cases (Table 3.1, sim no. 2, 8 and 
10), kinetic measurements of pressure did not surpass the threshold of brain injury while 
kinematic measurements of acceleration did (AIS 2). One case (Table 3.1, sim no. 11) 
showed kinematic measurements receiving an injury with AIS scores of 6 indicating 
fatality for the human, while the kinetic measurements of pressure quantified no injury.  
Another case (Table 3.1, sim no. 15) directs ICP as a fatal injury to the person, whereas 
acceleration metrics from that same simulation indicates it as AIS of 2. While peak ICPs 
correlated with most injury severities associated with peak angular acceleration for the 




Conversely, when comparing peak Von Mises stresses and g-forces at the global 
response, data showed two simulation cases (Table 3.1, sim no. 2 and 10) where kinetic 
measurements did not surpass the threshold of brain injury while kinematic measurements 
did (AIS 2). Three cases (Table 3.1, sim no. 4, 11-12) showed kinematic measurements 
having AIS scores of 6 (fatal injury), while Von Mises stresses computed negligible harm. 
One case (Table 3.1, sim no. 14) computed Von Mises stress over the threshold for brain 
injury, while the g-force value in that same simulation case had an AIS value of 1 (below 
the threshold for concussion). Nine out of fifteen simulation cases indicated peak Von 
Mises stresses correlating with peak angular acceleration. While both metrics are viable 
for brain injury metrics for most FEM, taking responses from the CG in the skull does not 
show consistency between metrics. An understanding of the relationship between the local 
and global responses and injury outcome is needed for future work. 
4.5 Relationship of TBI and Possible Behavioral Deficits 
With such severe accelerations, pressures and Von Mises values modeled and 
predicted in Figures 3.3-3.22, survivors and caregivers should expect both physical and 
emotional deficits in the victim’s life. Possible mobility impairments and behavioral 
alterations could be a result from such impacts. The Centre for Neuro Skills (Bakersfield, 
CA) has discussed that when specific areas of the cerebral cortex are damaged, certain 
behavioral deficits can be observed (Lehr Jr., 2018). Other pathophysiology could arise 
from the blunt impacts that are not simulated due to limitation of finite element models. 
Considering the various peak acceleration severities for the global and regional responses, 
the parietal and frontal lobes received the most accelerational damage. Functionality of 
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local regions of the brain is an ongoing investgation, therefore, the provided description 
for each area (see Figure 4.1), is to the best of the authors knowledge. The current FE 
model does not attempt to model the pathophysiological and behavioral responses of the 
brain due to impact. The following symptoms are possible outcomes victims can expect 
but are not guaranteed to occur. This study’s FE model is a mechanistic model rather than 
that of a TBI pathophysiological and behavioral one. However, obtaining a general 
understanding of the brain and its functions is important in understanding the effects of a 
traumatic brain injury. Each person’s injury may vary due to severity of impact causing 
varying degrees of symptoms associated. 
 
Figure 4.1 Schematic of human brain with the locations of the (a) parietal, (b) frontal, 
(c) occipital lobe, cerebellum and (e) temporal lobe along with the 




There are many different types of impairments that can arise to those who have 
received a traumatic brain injury, regardless if it is mild, moderate or severe. Impairment 
types include, behavioral, cognitive (symptoms from concussion to severe TBI), 
psychological (both from the injury and responses to having been injured), sensory 
(vision, hearing, balance) and motor (gait, coordination, spasticity).  Impairments 
following a brain injury are dependable but not subjected to location of damage in the 
brain. Meaning, if a front impact occurs to the human head, while damage to the frontal 
lobe is a high probability, the occipital and cerebellum might also be damaged due to the 
shaking of the brain tissue against the skull. For the simulation cases tested in this study, 
four locations of interest were tested (front, back, top and side) and the following 
impairments discussed are the authors opinion on possible deficits to follow based on 
location of impact.  
A blunt impact to the front of the head would most likely cause damage to the 
frontal lobe. The most common characteristic of frontal lobe damage is difficulty in 
interpreting feedback from environment, such as loss of flexibility in thinking, 
perseverating on a response, and risk taking. Frontal lobe damage also affects social 
behavior to the individual. There are some differences the functions of the left and right 
frontal lobes that would affect behavior if damaged. Damage to the left frontal lobe 
usually manifests as pseudodepression, while damage to the right frontal lobe can cause 
pseudopsychopathic behavior (Blumer & Benson, 1975). Sexual behavior can also be 
affected by frontal lesions.  
An impact to the back of the head would most likely cause damage to the 
cerebellum and occipital lobe. The cerebellum has several functions associated with its 
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region such as motor movement, equilibrium and balance. Damage to this region results in 
movements that are uncoordinated and slower. Movement disorder has a wide range of 
development for those who suffer from a TBI. Somatic impairment can occur from weeks 
to months and sometimes up to years following a head injury. Figure 4.1 lists one of 
behavioral deficits associated with the cerebellum region as tremors. Tremors are the most 
frequent movement disorder to occur as an effect from a TBI (Quinn & Sullivan, 2000). 
Tremors are typically not seen in isolation and are frequently present along with ataxias, 
spasticity and paresis (Quinn & Sullivan, 2000). Movement impairments range from 
hypokinesia (slowness in movements) to hyperkinesia (excessive movements such as 
tremor) and impaired gait (Krauss, Tränkle, & Kopp, 1996). The occipital lobe is another 
local response region that is subject for injury due to blunt impacts at the back of the head. 
The occipital lobe controls the visual perception of the human system. The Centre of 
Neuro Skills states that any significant trauma to the brain’s occipital lobes could cause 
vision field defects such as visual hallucinations and distorted perceptions of reality. 
Damage to one side of the occipital lobe causes homonomous loss of vision in both eyes, 
suggesting that the right and left occipital lobes work in tandem.   
A side impact will most likely affect the temporal lobes of the brain. The temporal 
lobes are primarily responsible for organization of sensory input (Read, 1981). Language 
can be affected by damage to the temporal lobes. The Centre of Neuro Skills states that 
disruption to the left temporal lobe can a person the inability to recognize words, while 
lesions to the right temporal lobe can cause inhibition of talking. Memory skills are also 
associated with this local response region; damage to the left lobe can impair memory for 
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verbal material while the right-side lesions affect one’s ability to recall non-verbal 
material such as music and drawings.  
The parietal lobe can be divided into two functional regions and is most vulnerable 
for top impact. The first function of this region is responsible for cognition which 
integrates sensory information to form a single perception; the second is responsible for 
special relations (Kandel, Schwartz, & Jessell, 1991). Damage to both sides of the parietal 
lobe can cause a person the inability to voluntarily control his or her gaze, integrate 
components of a visual scene and the inability to reach for an object (Westmoreland, 
1994). Injury to the left parietal lobe could impact language (understanding and 
production), calculations and praxis (the ability to follow complex motor commands). 
Lesions upon the right parietal lobe could result in neglecting part of the body, causing 
self-care issues such as washing and dressing, special difficulties and drawing. Although a 
traumatic brain injury increases the likelihood of mobility impairments that does not mean 
it is the only outcome; depression and anxiety are also high comorbidities associated with 
TBI. 
Although assessment and treatment of TBI normally focuses on mental and 
physical impairments, psychological deficits remain the leading cause of disability (RE et 
al., 2004). Major depressive disorders (MDD) have several different conditions that fall 
under it, including, poor cognitive functioning, aggression and anxiety, poor recovery, 
high rates of suicide attempts and greater costs in care (Bombardier et al., 2010). Even 
though a considerable amount of research has been done on predictions and outcomes of 
MDD after TBI, answers remain uncertain. One study reports that during the first year 
after a TBI, 33 percent of patients indicate symptoms for MDD. Of the 33 percent of 
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patients expressing major depression, anxiety (76.6 percent) and aggression-like behavior 
(56.7 percent) were also present (RE et al., 2004). Jorge et al. conducted a study on mood 
and anxiety disorders of 66 patients with acute TBI for over a year. Of the entire group, 
42.4 percent were diagnosed with major depression (RE et al., 2004). Another study used 
a structured interview and criteria in 100 adults with TBI to find the prevalence of MDD 
after eight years from the time of the TBI. The average occurrence was 61 percent for 
major depression (Hibbard, Uysal, Kepler, Bogdany, & Silver, 1998). A larger sample 
study over a larger span time, specifically 722 casualties after 2.5 years following a TBI, 
had a smaller percent outcome of MDD. Results showed depression in only 303 patients 
(41.9 percent) (Kreutzer, Seel, & Gourley, 2001). As seen in previous studies, patients 
become vulnerable to develop these mood and depressive disorders as time increases after 





The purpose of this research was to determine the severity of brain trauma due to 
small unmanned aircraft system impacts with the human head. The sUAS-HHFE model 
was developed to help the FAA conduct its airworthiness and injury severity analysis. The 
FE model provided quantifiable results, which can be used to examine the amount of 
injury one can expect to receive for different impact cases.  
 Using the sUAS-HHFE model, the first analysis was done at the global 
response due to impact. At the head’s CG, data showed several case scenarios where 
sUAS can impact with minimal harm to bystanders if impacts occur at a velocity of 4 ms-1 
or less (AIS 0). However, other case scenarios indicated that an sUAS-head impact at 
velocities of 8 ms-1 or greater exceed the threshold for concussion (AIS 2). While there are 
operational cases which can result in various degrees of survivable injuries, a threshold 
associated with lethality (AIS 6) was established at impact velocities of 24 ms-1 for the 
front, back and side of the head and 16 ms-1 for impacts to the top of the head.  
Comparing the global and local injury responses due to head impacts told several 
different stories. MPR models were used to predict g-force differences between the brain’s 
local responses and the head’s global response. Data showed that every local response 
region, except for the temporal lobe, had higher injury severities and AIS values than the 
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global response region, and, therefore, are more sensitive to injury and should be the focus 
regions for monitoring brain injury severity due to impacts.   
When comparing the kinematic and kinetic responses of the global response 
region, data showed that while both metrics are viable for brain injury metrics for most 
simulation cases, they are not as accurate as desired. An understanding of the relationship 
between the local and global responses and injury outcome is needed for future work. 
Future analysis of kinetic and kinematic measurements are underway for local responses. 
Considering the various peak acceleration severities for the global and regional 
responses, behavioral deficits are most likely to follow the injuries simulated in this study. 
Acute and chronic behavioral outcomes post-TBI are dependent upon the severity of brain 
injury. It is important to validate neuro-functional assessments across a range of injury 
models for the development of robust clinical measures for diagnosing the severity of 
brain injury. 
It must also be kept in mind that the proposed prediction criteria maps are relative 
to a specific FEM and that comparative studies are needed to analyze other FEM 
responses under similar inputs. It is envisioned that these models will serve researchers 
and regulators of these vehicles in establishing guidelines for safe sUAS use in the 
national airspace system. Furthermore, it is encouraged that medical professionals use the 
predicted traumatic brain injury maps for medical assessments, allowing them to tailor the 







In the future, I would like to increase segmentation of the brain for regions of 
interests including but not limited to, the brain’s ventricles, vasculature system, meninges, 
grey and white matter and the sulci and gyri characteristics. Implication of the brain’s 
vascular system could show detection of bleeding in specific regions that would show 
which injury scenarios are more fatal than others. These anatomical additions would 
improve not only the biofidelity of the brain model but also increase the resolution of 
analysis to develop injury threshold for the local responses.  
Going forward, I would like to investigate the development of predictive models 
for the local responses (brain tissue structural level). Future injury criteria maps produced 
from MPR models would further support the findings of this study that injury severity at 
local responses are a better metric for injury assessment rather than responses globally. 
Moreover, these findings would give more data to the FAA/FEM community for injury 
severity assessment. 
 Future work can include extending this study by involving a larger number of 
accident cases with more impact characteristics to define realistic head tolerance limits for 
specific injury mechanisms. Impact characteristics include comparing different types of 
unmanned aircraft systems. UAS come in four different sizes: nano, small, medium and 
large, each one used for different case scenarios. For recreational and commercial use in 
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large populated areas, nano and small UASs would be the focus comparison groups. To 
begin with, it would be most beneficial to compare injury severity results of this study 
with a fixed wing sUAS. The main comparison of this proposed study would be the 
designs of vehicles. As complexity and accuracy of the model increases, more 
comprehensive assessments of severity of injuries can be conducted.  
Working with the FAA, current work involves the development of a human head 
and neck model to investigate the severity of spinal cord injuries due to head impacts. 
Severe and moderate head injury can cause misdiagnosis of a spinal cord injury, leading to 
devastating long-term consequences. Additionally, in the near future, the research will 
further expand the human model to include the thorax of the human body for injury 
analysis. Thorax injuries due to drone impacts can occur. In crowded events, many 
innocent bystanders are potential targets for these sUAS to crash into in the thorax region. 
With the extension of the human body from the head to the thorax region, further injury 
severity assessments can be explored. 
Finally, one could investigate improvements of current sUAS designs to more 
robust models to reduce the human injury severities. Model designs can include 
implementation of battery backups in case of failure during flight, an embedment of a 
parachute when deceleration occurs, impact airbags and frangibility of the device. 
Constructing the aerial vehicle with the suggested designs would minimize injury in the 
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In order to reduce the number of simulations needed for this study, a Taguchi 
array was implemented. Implementation of the Taguchi Method allowed for a smaller 
sample size. Using Taguchi’s L16 (TypeB) Array, outcomes with five input variables: 
location, velocity, offset (lateral increased increments from the CG location at each 
location parameter), mass, and angle, were assessed (Taguchi, 1987).  
A.2 Results 




1 2 3 4 5 
1 1 1 1 1 1 
2 1 2 2 2 2 
3 1 3 3 3 3 
4 1 4 4 4 4 
5 2 1 2 3 4 
6 2 2 1 4 3 
7 2 3 4 1 2 
8 2 4 3 2 1 
9 3 1 3 4 2 
10 3 2 4 3 1 
12 3 4 2 1 3 
13 4 1 4 2 3 
14 4 2 3 1 4 
12 3 4 2 1 3 
13 4 1 4 2 3 
14 4 2 3 1 4 
15 4 3 2 4 1 








Table A.2 Implementation of Taguchi’s L16 (TypeB) Array  
Simulation No. Location Velocity (ms-1) Offset (m) Mass (kg) Angle (deg) 
1 Front 4 0×103 1,280 -30 
2 Front 8 25×103 1,360 0 
3 Front 16 50×103 1,440 15 
4 Front 24 75×103 1,520 30 
5 Back 4 25×103 1,440 30 
6 Back 8 0×103 1,520 15 
7 Back 16 75×103 1,280 0 
8 Back 24 50×103 1,360 -30 
9 Top 4 50×103 1,520 0 
10 Top 8 75×103 1,440 -30 
11 Top 16 0×103 1,360 30 
12 Top 24 25×103 1,280 15 
13 Side 4 75×103 1,360 15 
14 Side 8 50×103 1,280 30 
15 Side 16 5×103 1,520 -30 
16 Side 24 0×103 1,440 0 
 
References: 
Taguchi, G. (1987). The System of Experimental Design, 2(Quality Resources), 1169. 









The acceleration values simulated in Abaqus were used to interpret predictions for 
other scenario cases not simulated. A multivariable polynomial regression (MPR) model 
was developed using PROC GLM in SAS for Windows 9.4 (SAS Institute, Inc., Cary, 
NC) to find g-forces for all unsimulated scenario cases. MPR models used to create 
traumatic brain injury criterion maps for the global and local responses were graphed in 
MatlabTM and can be viewed by angles and locations of impact to the head in Figures B.1 
– Figures B.24. 
B.2 Results 
 
Figure B.1 Predicted g-force graphs for global response (head’s CG) using a MPR 
model for front impact with four different impact angles (p value of <0.001). 




Figure B.2 Predicted g-force graphs for global response (head’s CG) using a MPR 
model for back impact with four different impact angles (p value of <0.001). 
The AIS legend corresponds to g-FDS and the z plane (z=0) color contour.  
 
Figure B.3 Predicted g-force graphs for global response (head’s CG) using a MPR 
model for top impact with four different impact angles (p value of <0.001). 




Figure B.4 Predicted g-force graphs for global response (head’s CG) using a MPR 
model for side impact with four different impact angles (p value of <0.001). 
The AIS legend corresponds to g-FDS and the z plane (z=0) color contour.  
Looking at the acceleration prediction plots at each location of impact for the 
global response of the head (Figures B.1 – B.4), data showed that impacts at the top of the 
head (Figure B.3) received more serious injuries (AIS 3 – 6) compared to other locations. 
Angle of impacts did not show much influence at the global response regions, however, 
when compared to the local response regions (Figure B.5 – B.24), angle of impacts began 




Figure B.5 Predicted g-force graphs for frontal lobe using a MPR model for front 
impact with four different impact angles (p value of <0.0006). The AIS 
legend corresponds to g-FDS and the z plane (z=0) color contour.    
 
Figure B.6 Predicted g-force graphs for frontal lobe using a MPR model for back 
impact with four different impact angles (p value of <0.0006). The AIS 




Figure B.7 Predicted g-force graphs for frontal lobe using a MPR model for top impact 
with four different impact angles (p value of <0.0006). The AIS legend 






Figure B.8 Predicted g-force graphs for frontal lobe using a MPR model for side impact 
with four different impact angles (p value of <0.0006). The AIS legend 
corresponds to g-FDS and the z plane (z=0) color contour.   
Figures B.5 – B.8 show prediction plots of g-forces at the frontal lobe by locations 
of impacts. MPR model indicated that the top location of impact (Figure B.7), again, 
received higher g-forces compared to front, back and side impacts to the head. 
Additionally, the model predicted that collisions with an impact angle of 15 (Figures B.5 
(c) – B.8 (c)) will cause moderate to fatal injuries (AIS 3 – 6) at lower velocites compared 





Figure B.9 Predicted g-force graphs for parietal lobe using a MPR model for front 
impact with four different impact angles (p value of <0.0041). The AIS 
legend corresponds to g-FDS and the z plane (z=0) color contour.    
 
Figure B.10 Predicted g-force graphs for parietal lobe using a MPR model for back 
impact with four different impact angles (p value of <0.0041). The AIS 




Figure B.11 Predicted g-force graphs for parietal lobe using a MPR model for top impact 
with four different impact angles (p value of <0.0041). The AIS legend 
corresponds to g-FDS and the z plane (z=0) color contour.     
 
Figure B.12 Predicted g-force graphs for parietal lobe using a MPR model for side 
impact with four different impact angles (p value of <0.0041). The AIS 
legend corresponds to g-FDS and the z plane (z=0) color contour.    
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Looking at serverity predictions by location of impact for the parietal lobe, 
calculations show this response region to be the most detrimental region of interest for 
head impacts (see Figure B.9 - B.12). The regression model showed that while every 
location of impact to the parietal lobe showed higher g-forces compared to all global and 
local responses, the top location of impact (Figure B.11) remained the most severe impact 
location. The model also predicted that collisions with an impact angle of 15 (Figures B.5 
(c) – B.8 (c)) will cause moderate to fatal injuries (AIS 3 – 6) at lower velocites and higher 
offsets compared to the other angles of impact.  
 
Figure B.13 Predicted g-force graphs for occipital lobe using a MPR model for front 
impact with four different impact angles (p value of <0.0026). The AIS 




Figure B.14 Predicted g-force graphs for occipital lobe using a MPR model for back 
impact with four different impact angles (p value of <0.0026). The AIS 
legend corresponds to g-FDS and the z plane (z=0) color contour.   
 
Figure B.15 Predicted g-force graphs for occipital lobe using a MPR model for top 
impact with four different impact angles (p value of <0.0026). The AIS 




Figure B.16 Predicted g-force graphs for occipital lobe using a MPR model for side 
impact with four different impact angles (p value of <0.0026). The AIS 
legend corresponds to g-FDS and the z plane (z=0) color contour.   
Analyzing the predicted injury severities at the occipital lobe (Figures B.13 – 
B.16), the MPR model showed that injury severity of acceleration did not differ by impact 
locations. However, injury severity by angles of impact did show a change at the occipital 
lobe. An impact angle of -30 to the head (Figures B.5 (a) – B.8 (a)) showed higher g-
forces compared to angles of 0, 15, and 30. For all impact locations, the head was 
predicted to receive moderate to fatal injuries (AIS 3 – 6) with an impact angle of -30 at 




Figure B.17 Predicted g-force graphs for temporal lobe using a MPR model for front 
impact with four different impact angles (p value of <0.0035). The AIS 
legend corresponds to g-FDS and the z plane (z=0) color contour.   
 
Figure B.18 Predicted g-force graphs for temporal lobe using a MPR model for back 
impact with four different impact angles (p value of <0.0035). The AIS 




Figure B.19 Predicted g-force graphs for temporal lobe using a MPR model for top 
impact with four different impact angles (p value of <0.0035). The AIS 
legend corresponds to g-FDS and the z plane (z=0) color contour.   
 
Figure B.20 Predicted g-force graphs for temporal lobe using a MPR model for side 
impact with four different impact angles (p value of <0.0035). The AIS 




The temporal lobe’s acceleration predicted model (Figures B.17 – B.20), did not 
show any difference by location, velocity, offset or angle of impact. Furthermore, when 
comparing the predicted g-force graphs between the head’s CG and temporal lobe in 
Figures 3.15 -3.18, the differences between the two response regions were negligable.  
Again, as mentioned before, because the CG lies near the temporal lobes, the g-FDS was 
expected to have the similar peak accelerations due to their close proximity. 
 
Figure B.21 Predicted g-force graphs for cerebellum using a MPR model for front 
impact with four different impact angles (p value of <0.0002).  The AIS 




Figure B.22 Predicted g-force graphs for cerebellum using a MPR model for back impact 
with four different impact angles (p value of <0.0002).  The AIS legend 
corresponds to g-FDS and the z plane (z=0) color contour.  
 
Figure B.23 Predicted g-force graphs for cerebellum using a MPR model for top impact 
with four different impact angles (p value of <0.0002).  The AIS legend 




Figure B.24 Predicted g-force graphs for cerebellum using a MPR model for side impact 
with four different impact angles (p value of <0.0002).  The AIS legend 
corresponds to g-FDS and the z plane (z=0) color contour.  
The final local response region of the brain to examine injury severity was the 
cerebellum (Figures B.21 – B.24). The model predictions of g-forces at the cerebellum 
exhibited that impacts at the top of the head (Figure B.23) received more moderate to 
serious injuries (AIS 3 – 6) compared to other locations. Angle of impacts did not show an 
influence in injury severity for TBI.  
